We present a simple and robust way to reject out-of-focus background when performing deep two-photon excited fluorescence (TPEF) imaging in thick tissue. The technique is based on the use of a deformable mirror (DM) to introduce illumination aberrations that preferentially degrade TPEF signal while leaving TPEF background relatively unchanged. A subtraction of aberrated from unaberrated images leads to background rejection. We present a heuristic description of our technique, which we corroborate with experiment. An added benefit of our technique is that it leads to somewhat improved image resolution.
Introduction
Because two-photon excited fluorescence (TPEF) is dominantly generated by ballistic (unscattered) light, TPEF microscopy maintains high resolution even within scattering media [1, 2, 3] . According to Beer's law, the proportion of ballistic light arriving at the focus decays roughly exponentially with focal depth in the media. Hence, the laser power must be increased exponentially to maintain a relatively constant TPEF signal level at increasing imaging depths, and the depth limitation in TPEF microscopy is often limited simply by the maximum laser power available. Strategies to further increase depth penetration have included improving widefield fluorescence collection [4, 5] and temporally redistributing the laser power into high-energy pulses [6, 7] . This has revealed yet another limitation to depth penetration, namely that from out-of-focus fluorescence background generated at superficial tissue layers [8, 7] . This limitation arises when superficial background fluorescence, even though it is generated by a spatially extended laser beam, begins to dominate the deep signal fluorescence generated at the laser focus where the ballistic power has been weakened by scattering. Superficial background fluorescence can be all the more problematic when fluorophore labeling is dense, or when exposed or damaged tissue at the surface generates significant autofluorescence.
We propose a simple technique to reject out-of-focus TPEF background in scattering tissue. Our technique is based on the use of a deformable mirror to control the phase profile of the laser beam in the back aperture of the focusing objective. While most TPEF applications involving deformable mirrors aim at improving the quality of a laser-beam focus in thick tissue using adaptive optics [9, 10] , our strategy is just the opposite: we purposefully degrade the quality of the focus by introducing extraneous aberrations. We argue that because TPEF is a nonlinear phenomenon, these aberrations dominantly quench in-focus TPEF signal while leaving out-offocus TPEF background relatively unchanged. Out-of-focus TPEF background can therefore be effectively rejected by simple image subtraction.
A similar subtraction technique has been recently proposed in the temporal domain to improve the axial resolution of a TPEF microscope [11] . This technique is based on a re-shaping of laser pulses leading to temporal focusing [12, 13] or defocusing. The technique we introduce here does not rely on temporal reshaping, and indeed our discussion considers the spatial domain only. We present a heuristic description of our technique which we corroborate with experiment.
Formalism
Our goal in this paper is to provide a qualitative description of our technique, and we begin by considering an idealized sample where the fluorophore concentration is relatively uniform throughout the sample. The basic layout of our microscope is the same as that of a conventional TPEF microscope except that a deformable mirror is placed in a plane conjugate to the objective back focal plane, allowing control over the pupil aberrations. We consider imaging in a thick tissue and explicitly separate scattered from ballistic light by writing the ballistic laser intensity distribution in the tissue as
where ρ and z are coordinates relative to the laser beam focus (i.e. the surface of the sample is located at a negative z). This is the surviving portion of the laser intensity that has not incured scattering on its passage to depth z. The lateral beam profile is written as PSF( ρ, z), which we normalize to PSF( ρ, z)d 2 ρ = 1 for all z. The total ballistic laser power at depth z is then simply W (z). If we assume that all the ballistic light travels approximately the same optical path-length through the tissue to attain depth z, then W (z) is subject to Beer's law and decays exponentially with increasing z. This small-angle assumption is equivalent to the paraxial approximation, which is valid for moderate to low numerical aperture (NA 0.7). Within this approximation, we can interpret PSF( ρ, z) as the ballistic point-spread-function, corresponding to profile of the laser beam if it were traveling through a perfectly transparent medium.
To address the issue of aberrations, we must examine not only the intensity distribution of the laser beam, but also the complex field distribution. Similarly as above, we define the ballistic coherent spread function CSF( ρ, z) as the field distribution in a perfectly transparent medium. In the paraxial (Fresnel) approximation, this can be written as [14] 
from which we obtain
In Eq. (2) k = 2π/λ where λ is the mean laser wavelength, and we have introduced the pupil function P( k ⊥ ) whose Fourier coordinates k ⊥ are located in the objective back focal plane (or, equivalently, the DM plane). The expression in parentheses in Eq. (2) may be regarded as a generalized 3D pupil function [15, 16] . The purpose of the DM in our case will be to introduce controlled aberrations φ ( k ⊥ ) in the objective pupil such that
where the subscripts φ and 0 refer to DM-aberrated and unaberrated (i.e. diffraction-limited) pupils respectively. It is straightforward to demonstrate that
Moreover, assuming that φ ( k ⊥ ) does not deviate the ballistic light rays to the point of invalidating the paraxial approximation, then
The latter is a statement that aberrations in the pupil do not globally affect the net ballistic power of the laser light in the tissue, which is defined by the scattering properties of the tissue alone.
Effect of aberrations on TPEF
For the simple model presented here, we adopt the generally accepted principle that TPEF is dominantly generated by ballistic excitation [2] . This principle is one of the defining characteristics of TPEF and arises specifically from its nonlinear nature (conditions where this principle might break down are discussed in the conclusion). We write then
where F(z) is the TPEF power generated at depth z and we have dropped prefactors such as fluorophore concentration (which is considered to be uniform here), cross-section, etc.. We have also dropped any consideration of the temporal profile of the laser pulses since we will only consider DM strokes that are much smaller than the laser coherence length. Alternatively, we may express the TPEF power generated at depth z in terms of the 2D ballistic optical transfer function, defined by
which, from Parseval's theorem, leads to:
It is well known that any introduction of aberrations in the objective pupil leads to a degradation in the transfer of optical frequencies to the focal plane. From Schwarz's inequality [17] ,
, from which we infer
In general, therefore, an introduction of DM-induced aberrations decreases the amount of TPEF produced at the focal plane, and hence quenches TPEF signal (note: we do not consider the possibility that DM-induced aberrations might, by chance, compensate for tissue-induced aberrations, as is usually desired in adaptive optics applications). We further argue that these same aberrations have much less effect on out-of-focus TPEF background. That is
An initial motivation for our argument comes from examining Eqs. (2) and (4) and noting that in fact two aberrations act to degrade the ballistic laser profile: one aberration is induced by the DM (φ ( k ⊥ )) and another is induced simply by defocus (zk 2 ⊥ /2k). The latter worsens with increasing |z| whereas the former does not since it is independent of z. We therefore expect that for large enough |z|, the effects of defocus dominate over those of DM-induced aberrations, meaning that DM-induced aberrations should have little influence on TPEF background for planes that are far out of focus.
A more intuitive interpretation of the effects of DM-induced aberrations comes from considering the depth-dependent lateral area of the ballistic laser light, defined by
(This definition is a 2D area version of the 3D TPEF volume definition introduced in [18] ). A pictoral representation of this area is illustrated in the inset of Fig. (1) , where we sketch the profile of the ballistic laser light with (dashed) and without (solid) DM-induced aberrations.
Assuming that the DM-induced aberrations do not significantly alter the convergence angle of the ballistic light in the sample, then from simple geometrical considerations it is clear that the relative change in the ballistic-beam area provoked by DM-induced aberrations is greater at the focal plane than away from the focal plane. Moreover, it is apparent that as |z| becomes larger, this relative change in ballistic-beam area becomes less and less significant, particularly if the ballistic-beam convergence angle is tight. Because TPEF is a nonlinear phenomenon, the TPEF generated at depth z is highly dependent on the area of the ballistic beam at this depth. In particular, from Eqs. (1) and (10) we obtain the important relation
We infer from this relation that the predicted effect of DM-induced aberrations is to quench TPEF near the beam focus while not significantly quenching it far from the focus, as anticipated from expressions (8) and (9) . By performing a simple subtraction
we then expect to reject out-of-focus TPEF background while preserving in-focus TPEF signal. This is the basic principle of our differential aberration imaging technique. The results here, derived qualitatively, are corroborated by experiment.
Experimental demonstrations
The layout of our microscope is shown in Fig. (1) . This layout is the same as that of a standard TPEF microscope except that the incident laser beam is reflected from a DM prior to being scanned. Afocal lenses in the beam path are arranged such that the DM is in a plane conjugate to the back aperture of the objective. The DM consists of 12×12 reflecting elements, each ∼400µm in size (Boston Micromachines Corporation µDMS-Multi with a 3.5µm maximum stroke [19] ). The total DM clear aperture is 4.4mm, which is roughly filled by the laser beam. When performing unaberrated imaging, the voltage applied to each actuator in the DM is set to zero, meaning that the DM is flat to within 40nm (rms), according to manufacturer specifications. When performing aberrated imaging, a predefined voltage pattern is applied to the DM actuators. An advantage of our differential aberration imaging technique is that the DM is operated in an open-loop configuration. That is, the voltages applied to the DM actuators are not prescribed by feedback signals, as they would be in adaptive optics applications. The applied aberrations in our case need only degrade the focal spot profile, which is relatively easy to achieve. However, to ensure that the aberrated and unaberrated images are properly co-registered, the aberrated focal spot should lie roughly at the same location as the unaberrated focal spot. Constraints on the applied aberrations are therefore that they produce no defocus nor tilt to the illumination intensity. For our demonstrations, we applied voltages on the DM actuators to produce either 0 or π local phase shifts on the reflected beam. Two patterns, in particular, were investigated as shown in Fig (1) . Both patterns have the advantage that they provoke no defocus (the 2-zone pattern, however, produces a slight tilt). Both patterns also lead to aberrations that are independent of the beam spot size incident on the DM. We chose to sub-divide the DM pattern into few zones rather than many zones so as to minimize beam divergence from the DM and ensure that the same amount of power is delivered to the sample with or without aberrations. This was verified in practice: the power delivered to the sample dropped by only 1% or 2% when the aberrations were introduced.
Our technique of background subtraction is based on the relations (8) and (9) . The validity of these relations can be verified theoretically if we assume that the laser beam has a Gaussian profile and the objective aperture is large. In this case, the effects of the 4-zone and 2-zone aberrations on the illumination field can be calculated exactly, as can their effects on the resultant TPEF signal produced by an infinitely thin uniform fluorescent plane. To confirm these results experimentally, we monitored the TPEF signal from a thin fluorescent slab with and without induced aberrations as a function of defocus. Plots of F 0 (z) and F φ (z) and of their ratio, both Fig. (2) . As anticipated, F 0 (z)/F φ (z) is larger than unity near focus and decays approximately toward unity away from focus, confirming the relations (8) and (9) required for our technique. From Eq. (11), this decay toward unity also confirms our intuitive picture that the laser-beam area remains relatively unaffected by aberrations far away from focus, at least for the aberrations tested here. We note that the experimental ratio plots exhibit smaller peak heights and greater peak widths than anticipated by theory. This is largely due to the fact that our fluorescent slab was not infinitely thin. Fig. 2a also reveals that the ratio F 0 (z)/F φ (z) actually falls below unity, indicating that 4-zone and 2-zone aberrations apparently lead to a small increase in fluorescence background. This increase is corroborated by theory and subsists for several tens of microns. Presumably, this small increase arises from the fact that the aberrated beam profile is not as smooth as the unaberrated (Gaussian) beam profile, causing the eventual convergence F 0 (z)/F φ (z) → 1 to be slow. For practical TPEF imaging applications, the advantages of background subtraction become most apparent when significant background is generated at out-of-focus planes. As argued above this can happen when performing very deep imaging in scattering tissue, particularly when the fluorophores in the tissue are roughly uniformly distributed and of high density, or, worse still, if the tissue exhibits strong (auto)fluorescence at its surface. The laser used in our experiments was low power (Spectra-Physics Tsunami pumped by a 5W Millennia), not particularly appropriate for very deep imaging. For demonstration purposes we chose to mimic the conditions described above with an artificial test sample. The sample consisted of fluorescently labeled pollen grains under a microscope coverslip. These were imaged with a water-immersion objective. By dissolving rhodamine dye and TiO 2 particles in the immersion medium (a water-ethanol mixture in this case), and choosing the concentrations of each appropriately, conditions could readily be attained where the signal from the pollen grains became dominated by background from the immersion medium. As shown in Fig. (3) , the pollen grains became barely visible when performing normal TPEF imaging (i.e. no aberrations). However, upon differential aberration background subtraction the contrast of the pollen grains was indeed markedly improved. Plots of this contrast improvement for different induced aberration patterns are shown in Fig. (3d) .
An auxiliary benefit of our background subtraction technique is that it somewhat improves image resolution, as qualitatively illustrated in Fig. (4) . Similar ideas of using background subtraction to improve image resolution have been previously demonstrated with different techniques. For example, an improvement in TPEF axial resolution was demonstrated by differential temporal focusing [11] . Alternatively, an improvement in lateral resolution was demonstrated in simple confocal microscopy by differential pinhole-size imaging [20] . In all cases the principle of resolution improvement is the same: background subtraction preferentially quenches the out-of-focus wings of the imaging point-spread-function, thereby effectively causing it to be narrower. 
Conclusion
In conclusion, we have demonstrated a differential aberration imaging technique to reject outof-focus background in TPEF imaging of thick tissue. An added benefit of our technique is that it somewhat improves 3D resolution. The technique is robust because the exact nature of the induced aberrations need not be precisely controlled. We note that in our treatment here we have assumed that TPEF background is generated exclusively by out-of-focus ballistic excitation. While this is largely true when the fluorophore density throughout the scattering sample is high, or when there is significant superficial (auto)fluorescence, it becomes less true when the fluorophore density is sparse. In this last case, the scattered excitation near the focal plane rather than the ballistic excitation away from the focal plane may become the dominant contributor of TPEF background. Our differential aberration imaging technique continues to help in this case, however with reduced benefits (a theoretical treatment of these benefits will be presented elsewhere).
For the demonstrations presented here, background subtraction was performed frame by frame. This may not be suitable in cases where motion in the sample occurs on time scales faster than the frame rate. We therefore plan to improve our technique by developing a faster aberration modulation mechanism and performing background subtraction line by line rather than frame by frame. In this manner, background will be acquired during scanner flyback and the overall image acquisition rate will not be significantly impaired compared to that of a standard TPEF microscope. An example of a fast modulation scheme has been proposed for femtosecond pulse-shaping [21] .
Finally, we note that DM's are generally intended to improve rather than degrade laser focus quality when applied in scanning microscope configurations. Our technique of background subtraction is entirely compatible with this philosophy. Ideally, for better results than those presented here, the signal image could be optimized with adaptive optics prior to background subtraction. However, this would prescribe a much greater level of sophistication to what is currently a very simple technique. As it stands, our technique is robust and easy to implement and can be of general use in TPEF imaging.
